Introduction
Most of the medical endoscopes today employ CCD or CMOS sensors for video imaging. 1, 2 For illumination of the target tissue, optical fiber bundles transfer the light from external sources to the head of the endoscope. Fiber bundles are also used for the detection of the backscattered light, but in advanced endoscopes the imaging sensor is directly embedded into the endoscope head with its resolution to be one of the limiting factors of the endoscope performance.
To overcome the resolution limitations of embedded im-P R  O  O  F  C  O  P  Y  0  1  3  6  0  2  J  E  I age sensors, a novel alternative technology based on laser scanning has been conceived and implemented, and is presented in this paper. One important feature of this technology is that the imaging is performed using a composite laser beam that scans the target tissue for illumination, and the backscattered optical signal is detected and used for the reconstruction of the tissue image. The small dimension of the laser spot used for illumination provides the high resolution required. This technology known as "flying spot imaging" 3 has been proposed in imaging systems for biomedical applications such as in laser scanning microscopy 4, 5 ͑LSM͒, confocal laser scanning microscopy 6 ͑CLSM͒, and optical coherence tomography 7 ͑OCT͒. In addition, microelectromechanical systems ͑MEMS͒ micromirrors have been proposed 5, 8 for CLSM endoscopic imaging, providing small fields of view ͑of the order of 1 mm 2 ͒ and resolutions of the order of 500 lines/ mm, while they normally utilize one wavelength for illumination and detection. What differentiates the endoscope under presentation with the just referenced laser scanning systems is that it combines color imaging with a large field of view ͑of the order of 20ϫ 20 mm͒, high resolution, and a focal depth of the order of 5 mm by employing appropriate MEMS micromirrors and optical design.
In this paper, the key considerations for the system design are first presented with emphasis on the optical design of the endoscope head, followed by a short description of the laser-scanning micromirrors developed, a presentation of the data acquisition and control unit, and the optical characterization methods applied for the objective evaluation of imaging performance. Finally, imaging results for artificial and biological objects are given together with a discussion of the overall endoscope performance.
System Components and Operation
This section describes the more important components of the laser-scanning endoscope under presentation, which is depicted in Fig. 1 , and their functional relations. The endoscope system comprises a three-color laser illumination unit, an endoscope head with embedded scanning micromirrors and microoptics, a three-color detection unit, and a data-acquisition processing and control unit. In the optical part of the endoscope head, the laser light beam is directed by means of the two micromirrors upon the target tissue, and the corresponding reflected and backscattered light is collected by the photodetection system ͑employing one avalanche photodiode for each color͒ via an assembly of lens and prisms.
The goal for RGB color imaging would be to reproduce the same colors as they are perceived with our eyes. Our eyes are sensitive in the 400-to 700-nm range with a maximum sensitivity of the individual sensors at 450, 540, and 570 nm. On the other hand, each sensor has a broad sensitivity with a half width of approximately 80 nm, and in normal surroundings, objects are illuminated with "white light," resulting in a broad spectrum. In the case of laser illumination, three very narrow spectral light distributions are used for illumination and detection. It is impossible to have the same color measurement as we have with our eyes for all objects. It is only possible to have for a certain class of objects a similar color measurement by adjusting the Fig. 1 Three-color laser scanning endoscopy system. The three laser wavelengths are provided through a polarization-maintaining fiber to the endoscope for illumination. The backscattered light is led by a multimode fiber to the detection unit. P  R  O  O  F  C  O  P  Y  0  1  3  6  0  2  J  E  I relative sensitivity of the three colors by an appropriate choice of the wavelengths for the illumination lasers. The wavelength selection was done according to the tissue spectral behavior and for the specific medical applications planned.
The scanning imaging operation performed is similar to the z-scanning operation of a CRT screen. Instead of an electron-beam we used two scanning micromirrors and a composite laser beam by combining three color laser beams. The two scanning micromirrors move around their axes, which are perpendicular each to another. One scanning micromirror moves slowly compared to the other in a quasi-static operation, deflecting the laser beam on the target tissue vertically, and can be compared to the line change operation of a CRT screen. Each rotation of the slow mirror corresponds to a single frame of the scanned area. The other mirror moves fast and in resonant mode, deflecting the laser beam on the target tissue horizontally and can be compared to the line scanning operation of a CRT screen. The combined motion of these mirrors results in the laser scanning operation of the target area. The optoelectronic processing of the backscattered optical signal with the corresponding subsystems results in the image reconstruction of the scanned area.
Optical Design Considerations for the
Endoscope Head The endoscope head is the main part of the entire system. Its optical components are fibers for illumination and detection with collimating microlenses, a unit consisting of two polarizing beamsplitters, a prism for beam deflection, and the micromachined scanning mirrors. To reject the specular component from our reflectance images we used the cross-polarization imaging technique by separating the illumination and the detection paths using polarized laser sources and the appropriate beamsplitters. In the optical arrangement followed, the mirrors are in a fixed position in relation to the beamsplitters and the prism, as shown in Figs. 1 and 2. This specific design provides the appropriate mechanism for micromirrors replacement, together with shock resistance, easy assembly, and a simple adjustment procedure. Furthermore, with this construction we faced a serious supplier problem, as it was not possible to manufacture the beamsplitter cube of 3 ϫ 3 mm as originally designed. Two beamsplitters with dimensions of 4 ϫ 4 mm were used together, leading to an enlargement of the endoscope head diameter to 12.5 mm in total.
The specifications that the presented endoscope should meet were a working distance of 50 mm, a focal depth greater than 5 mm, and a resolution of the order of 50 m ͓or 20 line pairs/ mm ͑lp/mm͔͒ with an overall diameter for the endoscope head of the order of 12 mm. The critical design parameters of the endoscope system that must be considered to meet these specifications are not completely independent, so appropriate compromises were necessary. Starting from the working distance of 50 mm and the required resolution and focal depth, the numerical aperture ͑NA͒ of the imaging lens was first determined.
Resolution Considerations
In flying spot imaging as is used in the endoscope under description, the laser illumination is focused on the object and the scattered light then emerges from a larger spot that is imaged onto the detection fiber. With the laser-scanning illumination, the object is already resolved as the emerging photons arrive with a higher probability from the small area illuminated by the laser spot. In detection, by imaging of a small spot of the backscattered light, the resolution and contrast can be improved, but with a strong loss of light intensity and a strong reduction of focal depth. Thus, for our requirements, a large spot imaging was preferred. This procedure is just the inverse of that followed in standard imaging. By minimizing the illumination spot size, the resolution can be improved and is determined mainly from the optics used for illumination, since in the proposed design the detection and illumination paths are separated.
The resolution of an imaging system is measured with its point spread function ͑PSF͒, which results from the convolution of the PSFs of the image sensor and the optics used. As a result, the PSF of the imaging system will be broader than either the objective lens PSF or that of the image sensor. To a reasonable approximation, the width of the imaging system PSF will be 4 the square root of the sums of the squares of the widths of the lens and sensor PSFs.
For a diffraction-limited lens with a focal distance f obj , a diameter D, and numerical aperture NA, the Rayleigh criterion of resolution states that two point sources can be distinguished if they are separated by at least a distance ͑referenced in the object or focal plane͒ that is equal to
From Eq. ͑1͒ and under the assumption that the image sensor resolution contribution is small, it results that for high resolution ͑small ⌬d͒, the NA of the lens used for light collection from the target area must be high. On the other hand, another important optical design parameter is the focal depth. The focal depth can be calculated in different ways. One can set as a criterion an increase of the spot diameter by a factor of 2, which gives the value of two times the Rayleigh length ͑Gaussian optics͒:
But this definition does not take into account the fact that for a large NA, the spot diameter is much smaller than the useful resolution in medical application, and the defocused spot diameter as well. A criterion that fits the requirements better in a medical application is the setting of an absolute value of the desired spot diameter ͑d acc ͒ acceptable for imaging:
.
͑3͒
Setting the upper limit of the spot size to 50 m and a lower limit of the focal depth to 5 mm ͑for an acceptable spot diameter of 0.1 mm͒ from Eqs. ͑1͒ and ͑3͒ we calculated a useful overlapping range of 0.006 to 0.02 for the NA ͑Ref.
9͒. An NA of 0.015 was finally selected. Emerging from a monomode fiber, the laser beam is focused to the image plane where the laser spot radius is approximately 50 m, while for the imaging system of Eq. ͑1͒ for an NA of 0.015 gives ⌬d = 21.6 m. Accordingly, the resulting PSF can be approximated with the square root of the sum of squares of the laser spot radius and the calculated ⌬d, resulting in a resolution of 53 m, which is close to the targeted specification for resolution of 20 lp/ mm. In imaging systems, the aperture size, the shutter speed, and the illumination determine important image quantities such as the depth of focus and the motion blur that will be present. In CCD-or CMOS-based imaging systems, if the illumination is high, the aperture size can be small and the shutter speed high so the motion blur can be controlled to correspond to less than a pixel, and the imaged object seems to be still while the depth of focus is small. Slowing the shutter speed to compensate for low light conditions can result in a blurred image. In the described scanning system, the depth of focus is large, the aperture is high, and the shutter does not exist. The shutter speed parameter can be approximated in a scanning system with the acquisition time of each pixel, which is very small ͑of the order of microseconds͒ so the motion blur can be avoided. Of course, if the object moves, the resulting picture will not be correct ͑even without motion blur͒, and the imaging speed must be increased accordingly and within the limits of the oscillating frequency of the fast mirror and the bandwidth limitations of the photodetector and data acquisition boards used.
Optical signal detection
The endoscope was properly designed for the detection of the light backscattered from the object ͑tissue͒ rather than the light returning by Fresnel reflection from the sample surface. This feature was an important design consideration, as the endothelium is naturally covered by a liquid film, the reflection on which does not convey any information concerning the tissue structure. Another advantage resulting from this design, as compared with CCD-based endoscopes, is that scattered light carries information about layers below the tissue surface. Thus, the laser-scanning endoscope becomes a multiwavelength measurement tool specific for elastic light scattering. The rejection of Fresnel reflection is achieved by using a linearly polarized illumination and extinction in the detection path of the light with this polarization, by means of an appropriate analyzer. This is realized with a polarization-dependent beamsplitter in front of the collimating lens and before the detection fiber.
Due to the proceding considerations, polarized illumination was chosen. The first source, which was a red diode laser source ͑655 nm͒, provides a directly polarized output, while the frequency-doubled diode-pumped solid state lasers for the green ͑532-nm͒ and blue ͑457-nm͒ wavelengths must be beam-shaped and externally polarized before their coupling into the optical fiber.
In the diffusion regime, i.e., when scattering dominates absorption, the backscattering can be easily estimated. In that case, the total amount of backscattered light is given by 10 
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where ␣ is the optical albedo of the target, and A is a parameter describing the internal reflection, which depends on the refractive index. Due to the chromatic dependence of relevant coefficients, the amount of the backscattered light around the illuminating spot is not the same for all wavelengths. Obviously, the imaging sensitivity for each channel will depend on the radius of the region from which light is collected. If the detection region is small, only a reduced amount of the total backscattered light is detected. As the resolution of the image depends mainly on the size of the illumination spot, a large detection region on the object plane can be chosen to increase sensitivity. In the realized endoscopic head a detecting fiber with a 200-m core diameter was used, leading to a detection region with a 2 -mm diameter in the object plane. In endoscopy, the imaged object must be at a distance l obj of up to 50 mm from the imaging optics. At the same time, the size of the mirrors limits the beam diameter D and therefore the corresponding NA is small. In our endoscopic head, a NA= 0.015 was realized and with an object distance of l obj = 50 mm, the amount of light backscattered within a small angle ⍀ was found to be in the order of R ⍀ = 0.5 ϫ 10 −4 . This result was ascertained by Monte Carlo simulation. In addition to the loss of light caused by absorption and backscattering through the imaged object, there are significant losses on the illumination path from the laser to the object and then back to the detector. Table 1 gives the loss factors ͑ratio of output versus input optical power͒ in the illumination and the detection paths to estimate the signal levels of the photodetectors used and for each specific illumination wavelength. The wavelength-dependent reflectivity of the two scanning mirrors have a major contribution, since losses at the mirror surfaces occur in both the illumination and the photodetection path and are given as endoscope head losses in Table 1 . The main problem, which could not be solved in this specific realization, is the low signal mainly for the green and blue channels. Besides the low efficiencies of fiber coupling, the very low reflectance of the two scanning mirrors is the major reason for that. A high mirror reflectance is very important, because the illumination laser power is reduced two times and the backscattered light is reduced again two times by the mirrors. The low reflectance of 0.6 for the red, 0.5 for the green, and 0.4 for the blue channel ͑which results in loss factors of 0.36, 0.25, and 0.16 in the endoscope head, as given in Table 1͒ reduces the theoretical signal by factors of about 8 for the red, 16 for the green, and 40 for the blue channel. From Table 1 it results that the power levels of the optical signals that must detected from the three photodetectors are 6.48, 0.19, and 0.068 nW for the red, green, and blue channels, respectively ͑power on tissue multiplied by the det R ⍀ in the last row of Table 1 and for each wavelength͒.
Two photodetectors were used in the realization of the endoscope. The C5460 avalanche photodiode ͑APD͒ from Hamamatsu has an active area with a diameter of 1.5 mm, a frequency bandwidth ͑−3 dB͒ from dc to 10 MHz, and a sensitivity of 0.8 nW for a signal-to-noise level of 1. This photodetector, according to the Table 1 calculations should have the necessary sensitivity only for the red channel while the supported bandwidth is high enough for video rates. An alternative realization for low signal levels was based on the C5460-1 APD, which is similar to the C5460 a bandwidth of 100 kHz and a sensitivity of 0.005 nW for a signal-to-noise level of 1. This low-bandwidth realization was finally used for color imaging since the achieved optical power levels for the blue and green levels were not adequate for the C5460 photodetector originally planned. The dynamic ranges of the detected optical signal for the Table 1 were estimated to be 62 dB for the red channel, 16 dB for the green channel, and 11 dB for the blue channel, approximately.
2.1.3
Image frame rate and sampling frequency considerations The overall endoscope bandwidth results from the combination ͑multiplication in the frequency domain͒ of the endoscope head, the optical detector, and the acquisition board bandwidths. The maximum frequency of oscillation of the fast mirrors realized determines the line scan rate and the endoscope head bandwidth. In addition, the field-ofview ͑FOV͒ requirements in combination with the maximum optical resolution that must be resolved determines the minimum number of samples that must be acquired, which when combined with the line scan rate gives the minimum pixel sampling frequency.
For the specific realization and starting from the maximum frequency of the fast mirrors realized of 1.2 kHz, the line-scanning line frequency for bidirectional scanning ͑the scanning performed in both directions of the laser beam͒ is calculated to be 2.4 kHz, resulting in a line scan time of 416 s.
According to the Nyquist sampling theorem and to resolve the designed optical resolution of 50 m ͑20 lp/ mm͒, the spatial length of each pixel must correspond to 25 m at least. Although the resonant driving of the horizontal mirror leads to a sine-like deflection of the illumination beam, the digitization of the backscatter signal was performed linearly in time with the acquisition card. This leads to a nonlinear deformation of the x axis in the image. This effect is reduced by taking only 50% of the resonant scanning cycle. For an FOV of 21ϫ 21 mm and to resolve the maximum optical resolution two scanning variations were used. In one realization, the full half period ͑͒ of the oscillating fast mirror is used for sampling. With this realization, the pixels that correspond to the nonlinear part of the sinusoidal mirror movement shows strong distortion. These distortions were faced with an alternative realization, which uses only the linear slope of the sinusoidal mirror movement using the pixels that correspond to a quarter period ͑ /2͒ of the fast mirror oscillation. Using these two acquisition variations, the minimum sampling rates can be extracted for square pixels ͑1:1 aspect ratio͒. The sampling consideration just referenced are theoretical calculations, and in practice the higher spatial frequencies usually have low power and aliasing is seldom observed.
To increase the image frame rate, mirrors with higher oscillating frequencies are required, which with the current manufacturing process results in smaller deflection angles. From the preceding calculations, the optical detector must have a bandwidth of at least 4 MHz, and the acquisition card must also have a bandwidth of 4 MHz and be able to support a minimum sampling rate of 4 Msamples/ s.
The acquisition board selected has a bandwidth of 5 MHz and can sample all the color channels at 5 Msamples/ s simultaneously. According to the preceding, in the current realization, the endoscope bandwidth is restricted from the signal levels that can be detected from the detectors selected, resulting in 5 MHz for the red channel and the C5460 APD and 100 kHz for color imaging using the C5460-1 photodetector.
Laser Scanning Micromirrors
The micromachined scanning mirrors used are similar to the scanner setups described elsewhere 8, 9 and are electrostatically driven and controlled ͑Fig. 3͒. The scanners consist of an Aluminum coated Silicon mirror plate that is laterally suspended by two torsional Nickel springs. The mirror plate has a thickness of 20 microns. Nickel has the great advantage over Silicon that it is not brittle and so it does not break that easily. The torsional Nickel springs suspend the movable mirror in a surrounding silicon frame ͑Fig. 3͒. This wet-etched structure is mounted onto a Pyrex substrate with two integrated electrodes and connector terminals. The electrodes are oriented parallel to the mirror axis, so that each of them is below one half of the mirror. For operation, a positive voltage U drive is applied to one electrode and an equal negative voltage to the other electrode, while the mirror is biased with the voltage U bias .
The electrostatically controlled mirrors can be modeled with a capacitor with parallel plates, one of which is rotated. For a parallel-plate capacitor, the electrostatic force can be found by taking the derivative of its stored electrical energy 11, 12 F͑x͒ = d dy
where y is the distance between the two plates, h is the distance between the two plates when the mirror is in the rest position, is the angle of rotation, and x is the distance from the rotation axis. From Eq. ͑5͒ it follows that the force, to a good approximation, is proportional to the square of the applied voltage V between the two plates.
Consecutively, the electrostatic force created between each electrode and the mirror causes two torques that are also proportional to the applied voltage V͉M 1 ͉ ϰ ͑U bias − U drive ͒ 2 and ͉M 2 ͉ ϰ ͑U bias + U drive ͒ 2 , respectively. The resulting total torque is not proportional to the square of the drive voltage and is approximated with the following equation.
͑6͒
Obviously, by applying an appropriate nonzero bias voltage, the relation between the applied voltage and the mirror deflection angle was linearized. 8 The voltage U drive ranges from 100 to 400 V, depending on the bias voltage and the required FOV.
The fast scanner is generally driven on resonance. In this work, different scanners with frequencies between 500 Hz and 1.2 kHz were developed and tested. The higher is the resonant frequency, the lower is the mirror deflection achieved for a given driving voltage. As a result, there is a trade-off between the image acquisition speed and the FOV obtained. By contrast, the slow scanner has a resonant frequency around of 50 Hz and is operated quasi-statically. The realized mirrors had dimensions of 4 ϫ 4.8 and 3 ϫ 4 mm 2 for the slow and fast mirrors, respectively. The slow mirror should have larger dimensions due to the walking effect of the laser beam that is present in the serial mirror arrangement followed.
The arrangement of the micromirrors is crucial for maximizing the achievable FOV. Each mirror is capable of performing a rotation of up to ±2.5 deg around its axis, which translates to a beam deflection of ±5 deg for a beam incident perpendicularly on the mirror surface when it is in the rest position. This optimal condition cannot be ensured in a miniaturized endoscope head; however, in our case, the angle of incidence on the scanner was kept as perpendicular as possible by using a suitable prism for beam deflection.
Data Acquisition, Processing, and Control
Unit An important part of the entire device is the data acquisition, control, and processing ͑DACP͒ unit. This unit is responsible for the control of the scanning operation ͑by driving the scanning micromirrors with appropriate voltage waveforms͒, the image reconstruction of the scanned target from the detected optical signals; and the preprocessing, storage, and display operations in real time. Details about the DACP unit are presented elsewhere. 13, 14 The DACP unit simultaneously digitizes the three electrical signals ͑one for each color͒ that are generated at the outputs of the optical detection units and provides the two analog waveforms required for the position control of the scanning micromirrors used. After digitization, the reconstruction, preprocessing, and display operations are performed in real time with the multiprocessor PC system employed.
The principal module of the data acquisition and control subsystem is a commercially available data acquisition card ͑the PCI-6110E from National Instruments Co.͒. Using this card, a simultaneous digitization of the three analog signals is performed with a maximum sampling frequency of 5 Msamples/ s per channel along with the generation of the two control voltage waveforms.
A dual CPU Symmetric multiprocessor system was employed along with the appropriate multithreaded software that provides the parallel execution of time-consuming program modules into the available processors. The multithreaded approach followed here has proven invaluable as it ensured predictable responsiveness to hardwaregenerated control events and commands through the user interface together with increased performance.
Optical Behavior and Characterization of the
Endoscope System In this section, a short analysis of the optical distortions of the endoscope system is presented together with procedures for objective measurement and correction. The resolution of the endoscope system is objectively measured using its modulation transfer function and the effects that deteriorate its value are also discussed. Finally, first results of imaging of technical and biological objects with the realized endoscope prototype are presented.
Analysis and Correction of Field Distortions
The scanners of the device and their geometrical layout inside the scanning head induce a moderate distortion to the image, even after correcting it for the sinusoidal motion of the fast scanning mirror. This distortion is clearly demonstrated when the image of a regular, rectangular dot pattern is observed ͑Fig. 4, left͒.
To correct the distortion by means of image postprocessing, for each object point P o ͑x o , y o ͒ the corresponding distorted image point P i ͑x i , y i ͒ was determined using a suitable algorithm. Utilizing these data, two bicubic spline interpolating surfaces were calculated through the set of the coordinates x i and y i , respectively. Then, for a given image coordinate, the corresponding undistorted object coordinate can be computed and the undistorted image can be extracted by appropriately interpolating the recorded pixel array.
This technique was applied on a test line pattern ͑Fig. 4, center͒ and we found that it successfully removed the trapezoidal distortion ͑Fig. 4, right͒. 
Modulation Transfer Function of the
Microscanning Endoscope The modulation transfer function ͑MTF͒ of the endoscope was measured using a set of sinusoidal line patterns, of various spatial frequencies, for different target distances around the focal length ͑Fig. 5͒. The line pattern could be parallel or perpendicular to the fast scanning direction, enabling extraction of the horizontal and vertical MTFs, respectively.
The contrast is generally very low and lies under 0.5, even for low spatial frequencies. This low contrast is certainly due to a weak signal, resulting from insufficient collected light due to the small NA. At low spatial frequencies, the contrast should be close to 1 when an adequate signal is collected.
In both graphs shown in Fig. 6 , it can also be seen that, at low spatial frequencies, the shorter the target distance the higher is the contrast ͓Fig. 6͑a͔͒. For low spatial frequencies, the contrast is not significantly affected by defocusing and possibly is much more dependent on the amount of collected light, which is significantly higher at short target distances. For higher spatial frequencies, focusing becomes prevalent. For optimal focusing, the maximum detail resolution has been found to be 16 lp/ mm.
As the image is obtained by horizontally scanning the target, the MTF is different for horizontal and vertical image structures. This difference is due to loss of the scanning synchronization. The image is formed line per line, one line acquired from left to right and the next one from right to left ͑bidirectional scanning͒. Although these two scans are regularly synchronized, they present in fact a small shift. This shift does not affect horizontal resolution, but affects the vertical resolution ͓Fig. 6͑b͔͒. 
Resolution Deterioration Caused by Mirror
Oscillations While the fast mirror is driven in resonance, performing a harmonic oscillation movement, the slow mirror is operated quasi-statically, to ensure a movement corresponding to the control-voltage pattern applied. Mathematically, the ideal signal form for this control voltage is a triangular waveform for bidirectional image acquisition and a saw tooth waveform for unidirectional image acquisition. In the present realization presented, care has been taken for avoiding the excitation of eigenoscillations of the slow mirror, which would reduce the vertical resolution ͑Fig. 7͒. As the control voltage for the slow mirror is a triangular waveform, these oscillations were nearly completely avoided with an adequate choice of the bias voltage and the appropriate selection of certain parameters of the control waveform that determine its shape in the fast transition regions. 13 
Imaging of Technical and Biological Objects
Since the contrast achieved with the endoscope is limited, due to the low NA, the imaging of samples with small color or brightness variations tends to be difficult. Best results are obtained for technical objects. In the pictures shown in Fig.  8 the optical powers emerging from the illumination fiber were found to be 8, 5, and 8 mW, for the red, green, and blue channels, respectively. The maximum voltage levels measured at the outputs of the corresponding APD amplifiers were about 2.7 V and 400 and 150 mV, respectively. As expected ͑Table 1͒, the efficiency of the blue channel is the worst one.
Imaging of biological objects has been also performed with the developed prototype system. Figure 9 shows an image of heart tissue. The image was acquired using the red channel of the MEDEA ͑microscanning endoscope with diagnostic and enhanced resolution attributes͒ setup. The FOV is about 11ϫ 11 mm and the dynamic range is roughly 5 bits. The image was acquired in the bidirectional mode using a 100-kHz Hamamatsu APD and a sampling frequency of about 1.2 MHz. The number of pixels is 1024ϫ 1024, whereas about 400 pixels are optically resolved. The main structures in the front of the image are sharply defined and imaged with high contrast. These structures are in a size range of some 100 m up to 1 mm. Therefore, we can conclude that the optical resolution is much better close to about 20 lp/ mm.
Discussion and Conclusions
A fully operational prototype of a color laser scanning endoscope was designed, assembled, and tested. This specific realization used a semiconfocal optical design that in combination with the laser-scanning technology provides high resolution due to the fact that the scanning spot dimension determines the resolution and not the size of the area from which the backscattered signal is detected. As a result, this Fig. 7 Resolution along the slow scanning direction can be deteriorated by mirror oscillations. Left, rotation of the slow scanning mirror while being addressed by a triangular control voltage. The rapid change in direction excites the resonance of the mirror, which leads to an oscillation. Right, the exited oscillation for a saw tooth drive voltage causing the resolution in the slow scanning direction to be worse than in the fast scanning direction. The object is a Ronchi grating with 12.5 lines/ mm. The use of lasers for illumination makes the device principally multifunctional, as different diagnostic image formation processes can be employed in that case. The scanning approach is mainly responsible for the high resolution, since the single-point illumination makes the device at least semiconfocal. Therefore, the contrast generation at the sample is far superior compared to modern endoscopy techniques, which use wide-field illumination.
In the presented system, because of the low NA, only a small portion of the backscattered light can be collected, which clearly reduces contrast and SNR significantly. Hence, it must be doubted whether early lesions could be detectable when the operation is based on the backscattering signal alone. In addition, the FOV is limited by the achievable deflections of the scanning mirrors. Therefore, as yet, in its present state, the device cannot substitute for modern video endoscopes. Nevertheless, with this prototype a means for endoscopic laser-scanning imaging is available that could be used for many diagnostic laser applications discussed today. Photodynamic, fluorescence lifetime, laser-induced fluorescence or autofluorescence imaging could be performed. Note also that multiphoton imaging requires sufficient focal intensities, which might not be reached for the currently large working distances of the device.
For real endoscopic use, the system should be upgraded by installing a focusing mechanism, which could be realized by means of displacement, moving axially the ends of the optical fibers inside the endoscope head.
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